Phys. Med. Biol. 64 (2019) 165006 (13pp)

https://doi.org/10.1088/1361-6560/ab2db5

PAPER

RECEIVED

11 March 2019

Development and evaluation of anisotropic and nonlinear aortic
models made from clinical images for in vitro experimentation

RE VISED

23 June 2019
ACCEP TED FOR PUBLICATION

28 June 2019
PUBLISHED

14 August 2019

Miguel Bernal1, Jorge Saldarriaga2, Cecilia Cabeza3, Carlos Negreira4, John Bustamante1 and Javier Brum4
1
2
3
4

Grupo de Dinámica Cardiovascular, Universidad Pontificia Bolivariana, Medellín, Colombia
Grupo de Investigación sobre Nuevos Materiales, Universidad Pontificia Bolivariana, Medellín, Colombia
Física No Lineal, Instituto de Física, Facultad de Ciencias, Universidad de la República, Montevideo, Uruguay
Laboratorio de Acústica Ultrasonora, Instituto de Física, Facultad de Ciencias, Universidad de la República, Montevideo, Uruguay

E-mail: jbrum@fisica.edu.uy and miguelbernalrpo@gmail.com
Keywords: arterial model, shear wave elastography, anisotropy, non linear elasticity

Abstract
In this work we developed a methodology to manufacture a new type of arterial model that could be
used in experimental setting instead of excised arteries while developing new imaging modalities.
CT-images of the descending aorta were used to create molds with patient specific morphology. A
polyvinyl alcohol (PVA) solution with a reinforcing cotton mesh was used to generate the models.
The mesh is circumferentially elastic while non-compliant longitudinally and is responsible for the
non-linear anisotropic mechanical behavior of the models. Two models were fabricated following
the same manufacturing procedure. Their circumferential and longitudinal mechanical properties
were evaluated and compared to those of excised healthy pig aortas via tensile testing. A very good
agreement was found for the circumferential direction, while the longitudinal direction showed to
have a more marked anisotropic behavior compared to the excise arteries. An increase from 113 kPa
at 2.5% strain, to 914 kPa at 40% strain was obtained for the models, while the arteries showed an
increase from 172 kPa at 2.5% strain to 922 kPa at 38% strain. Furthermore, by plugging the models
into a cardiovascular simulator their mechanical response in a more realistic setting was evaluated
under static and dynamic pressure conditions by using shear wave elastography (SWE). Static and
dynamic experiments showed an increase in the shear modulus as a function of pressure from 61 kPa
to 263 kPa, between 20 mmHg and 150 mmHg for Model 1 (similar values within 10% were obtained
for Model 2). These values are in good agreement with those reported in the literature for healthy
human arteries. To our knowledge the models presented in this study are the first morphologically
realistic phantoms that have demonstrated nonlinear and anisotropic elastic behaviors close to those
of healthy arteries.

Introduction
Arterial elasticity has shown to be a predictor of cardiovascular diseases and mortality (Kingwell and Gatzka
2002, Dolan et al 2006, Kullo and Malik 2007). Several studies have linked it to diseases such as hypertension
(Laurent et al 2001), diabetes (Cameron et al 2003), dementia (O’Rourke 2008) as well as to other pathologies.
A common technique used to assess arterial elasticity is the pulse wave velocity. This technique measures the
propagation of the pressure wave between two points in the arterial tree and it was first described by Bramwell
and Hill (1992). Even though this technique is still used nowadays and it was recommended by the 2007 ESH-ESC
Guidelines for the Management of Arterial Hypertension; it is not commonly used in routine exams (Mansia et al
2007). Given the importance of assessing the elasticity of the arterial tissue, several noninvasive techniques have
been developed in the past few decades that could help in the early diagnosis. For example, Vappou et al, used
ultrasonic speckle tracking to measure the propagation of the pulse wave velocity (Vappou et al 2010). Other
approaches have focused on the use of shear wave elastography (SWE) techniques. SWE is the common name
for many techniques developed within the past two decades that use shear wave propagation for noninvasive
© 2019 Institute of Physics and Engineering in Medicine
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assessment of the mechanical properties of soft tissues with application to medical diagnosis (Bamber et al 2013,
Cosgrove et al 2013). They consist of three steps: first, the tissue is mechanically stressed, resulting in shear wave
generation; second, the induced displacements are measured. Finally, the tissue’s shear modulus is deduced
from the speed of propagation of the shear waves providing a quantitative estimation of the tissue’s Young’s
modulus under the assumption of a homogenous infinite elastic isotropic tissue. There are several ways to image
the displacement field (e.g. ultrasound or MRI) and to generate the shear waves (e.g. mechanical vibrator or
ultrasound radiation force). The work of Woodrum et al, describes the first application of magnetic resonance
elastography to characterize thin tubes and arteries (Woodrum et al 2006). In this case an electromechanical
vibrator was used to generate the waves. Alternatively, in the works of Couade et al (2010) and Bernal et al (2011a)
the radiation force of ultrasound was used as shear wave source. The arterial stiffness was inferred from the shear
wave propagation measured through ultrasound. To this end, an appropriate propagation model was fitted to the
shear wave phase velocity dispersion curve.
Despite its importance and the advent of new technologies, arterial elasticity has not become a routine test
in a clinical setting. This is mainly due to the complexity of the developed techniques which often do not provide
a single standardized diagnostic value. Standardization using ex vivo arteries is problematic since their utility is
limited in time and no two arteries are identical in their properties. Therefore, it is very difficult to assess how
changes in the methodology may affect the accuracy of the measurements. To achieve standardization, the development of arterial models is essential. Arterial models are important when evaluating the overall performance of
a novel imaging modality or when validating the effectiveness of different inversion methods to infer the arterial
stiffness. Moreover, physical models are necessary and important when introducing clinicians to these modern
technologies.
Polyvinyl alcohol (PVA) has been widely used in tissue mimicking phantoms because of its excellent ultrasonic (Chatelin et al 2014, Cao et al 2017) and mechanical properties similar to biological tissue (Fromageau et al
2007, Cao et al 2017). Moreover, PVA is a biocompatible, stable material (Alexandre et al 2014) that has shown
to exhibit a relatively wide linear zone on the stress–strain curve while becoming nonlinear beyond 30% strain
(Mehrabian and Samani 2009). Additionally PVA becomes slightly anisotropic when uni-directionally stretched
(Millon et al 2006, Chatelin et al 2014). Therefore, PVA is an adequate candidate to be used in arterial models, however, it should be combined/reinforced with other materials to withstand physiological pressures and to
exhibit nonlinear anisotropic behavior at physiological strains below 10% (Riley et al 1997, Bernal et al 2011b).
In the pioneering work of Chu and Rutt (1997) a PVA vascular phantom is presented for magnetic resonance
studies of arterial flow and elasticity. The mechanical behavior of the vascular models was similar to those of
healthy pig aortas, despite a slightly larger wall thickness of 3.175 mm. The main drawback of the model is that
the anisotropic behavior and the morphology of arteries were not considered. Recently, Chee et al published a
study in which they manufactured PVA phantoms with different stiffness segments (Chee et al 2018). A similar
approach was used by Sjostrand et al, where they created a PVA phantom capable of displacing in the longitudinal directions due to a gap between the inner portion (‘intima’) and an outer block (‘adventitia’) (Sjostrand
et al 2017). While these phantoms are very useful in the study of particular diseases, they all ignore the nature of
the arterial wall since these models used in these studies are isotropic and linearly elastic. In 2017 Maksuti et al
published a study in which they demonstrated the importance of the wall thickness and diameter in the measurements of the Young’s modulus using SWE (Maksuti et al 2017). And while this work is very interesting and
needs to be taken into account in further studies, it neglects the anisotropy of the vessel wall. Therefore, the results
found by their group need to be revised when accounting for anisotropy and nonlinear behavior. Recently, Bernal
et al, published a study based on the phantoms manufactured in this study in which they anastomosed arterial
models to arteries and compared their performance to vascular grafts. This study showed the importance of these
type of models in evaluation of surgical procedures (Bernal et al 2019).
In this study we developed and tested a methodology for the design and manufacture of arterials models with
nonlinear and anisotropic elastic behavior. The mechanical properties of the models were measured and compared to excised swine aortas via uniaxial tensile testing, demonstrating a nonlinear anisotropic elastic behavior.
Furthermore, we evaluated the mechanical response of the models in a more realistic setting by connecting them
to a pump that mimics physiological conditions. SWE measurements were conducted under static and dynamic
pressures. Finally, we demonstrate that the mechanical behavior of these models is in good agreement with literature and in vitro experiments.

Methods
Manufacturing of arterial models
Anonymous clinical images provided by the Instituto de Alta Tecnología Médica de Antioquia in Colombia were
used to create the aortic models. The DICOM images (800 axial slices) from a computed tomography (CT) system
were loaded into 3D Slicer (http://www.slicer.org) (Fedorov et al 2012, Kikinis et al 2014) for the segmentation
2
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Figure 1. Segmentation of the descending aorta (A) and (B). Panel (C) shows the reconstructed volumes (Lumen and inflated) for
the manufacturing of molds.

of the descending aorta (figure 1(A)). Using a predetermined vasculature filter within this software we isolated
all the vessels in the images. We then extracted the descending aorta and refined the segment of interest using a
region segmentation growing approach (red area in figure 1(B)) (Higgins et al, Jain et al 1995). This procedure
created a geometry equivalent to the lumen of the descending aorta which was then imported to MeshMixer
(an open source software from Autodesk, California, USA, http://www.meshmixer.com/) for smoothing of
the surface and repair of the geometry (cleaning of ramifications, filling of holes, etc). The geometry was then
imported into Fusion 360 (another open source software from Autodesk, California, USA, www.autodesk.com/
products/fusion-360) to create a solid that could be used to perform parametric operations (Boolean subtraction,
extrusion, combination of bodies and inflation).
Since segmentation of the aortic wall was not possible in the open source software, we replicated the lumen
geometry by scaling it in the radial direction. Using Fusion 360, the volume was ‘inflated’ 6 mm in diameter,
therefore, the original geometry represented the lumen (figure 1(C), gray surface) while the new ‘inflated’ one
represented the external adventitial layer (figure 1(C), red shadow). The difference in diameter between the two
geometries would result in a wall thickness of approximately 3 mm in the arterial model (small variations in
thickness should be expected due to irregular arterial wall morphology). This value was chosen following the
study of Fanary et al (Fanari et al 2015), where they measured the descending aortic thickness using transesophageal echocardiography (whole wall thickness) and found a mean values of 2.46 ± 0.5 mm and 2.93 ± 0.4 mm for
healthy volunteers and patients with patent foramen ovale. The graphic representation of the inflation process in
figure 1(C) it is not done to scale, but rather to illustrate the methodology.
Once the geometries were completed, we constructed the molds for the manufacturing process. For each
geometry (lumen and ‘inflated’), two half molds were fabricated using computer numerically controlled
machine (CNCM) on acrylic blocks so that when put together each geometry could be reconstructed. To recreate the lumen volume, a mixture of paraffin (8%), bees’ wax (18%) and modeling clay (74%) was heated to
50 °C and poured in the mold of the lumen. Once the material cooled down after 2 h, the acrylic mold was opened
and the geometry was extracted. This piece was then inserted into the mold (2 halves) created from the ‘inflated’
geometry. To ensure that the lumen geometry is centered, each side of the geometry was ‘T’ shaped (visible in figures 2(A) and (B)) in order to fit a small slot in the acrylic mold of the ‘inflated’ geometry. The gap between these
two elements can be appreciated in figure 2(A). This gap, as it was mentioned before resulted in around 3 mm
wall thickness given the 6 mm diameter scaling.
Before inserting the lumen volume into the ‘inflated’ mold, the piece was wrapped in a reinforcing fabric. As
mentioned in the introduction, PVA arterial phantoms have been manufactured previously, however, the mechanical properties of PVA alone do not allow these phantoms to withstand physiological pressure (up to 200 mmHg).
Therefore, in this work we reinforced the PVA with a supporting fabric to overcome this limitation. The fabric used
was a cotton mesh elastic (i.e. deformable) in the circumferential orientation while non-compliant in the longitudinal direction. The fabric was cut into strips of 4 cm by 20 cm and manually wrapped around the lumen geometry
at a 60° angle. To ensure the angle of the strips, parallel lines were drawn on a guide which was superimposed on
the model at every turn during the wrapping process. An error of less than 5° was achieved with this procedure.
Moreover, the strips of fabric were overlapped 50% at every revolution. This procedure is shown in figure 2(B).
The direction of the mesh was chosen so that the elastic orientation was aligned circumferentially.
A water-based solution consisting of PVA (Sigma Aldrich, MW 89 k–98 k) was made at 10% by weight. The
fabric was presoaked before closing the ‘inflated’ mold to decrease surface tension during the filling process. The
3
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Figure 2. Panel (A) shows the lumen volume manufactured in bees’ wax, paraffin and modeling clay along with the acrylic mold
created from the inflated volume. Panel (B) illustrates the PVA reinforcing procedure. The final arterial model is shown in Panel (C).

PVA solution was then injected into the space between the lumen volume and the ‘inflated’ mold from the bottom to avoid entrapment of bubbles. The whole setting was then frozen at −18 °C for 8 h after which it was taken
out and put in water at room temperature (22 °C) to thaw for 2 h. The freezing and thawing cycles were repeated
seven times to increase the stiffness of the PVA. No additional scatter material was incorporated to the PVA
mixture since when undergoing more than five freezing and thawing cycles the PVA alone provided sufficient
ultrasound signal.
Once the polymerization process was completed, the ‘inflated’ mold was opened and the lumen volume, covered with the mixture of PVA and reinforcing material, was extracted. The paraffin mixture was then extracted by
sliding the PVA with the embedded mesh off. Figure 2(C) shows the resulting aortic model, where the reinforcing
mesh can be appreciated embedded in the PVA. The model final dimensions were 170 mm in length, 24 mm of
external diameter and 3 mm of wall thickness.
Two models using the same molds, reinforcing material and PVA were made in order to assess the reproducibility of the manufacturing process and the mechanical properties of the models. However, a more detailed
study assessing the variations of the mechanical properties as a function of reinforcing material, angle and degree
of overlap, PVA concentration, freezing cycles, needs to be conducted to standardize the manufacturing process.
The models were stored in a container with water which prevented them from dehydrating, preserving their
mechanical properties. The models were tested in several instances over a period of six months showing a variation of less than 10% in the phase velocity of the guided waves. Moreover, the water inside the container was
periodically changed to avoid the growth of microorganism.
Experimental design
In this study we tested the arterial models using two different approaches, uniaxial tensile testing (UTT) and
SWE. The UTT tests were used to evaluate the nonlinear anisotropic behavior of the material (i.e. PVA with
the reinforcing material), while, SWE experiments were conducted to evaluate the mechanical response of
the model ‘as a whole’ in a more realistic setting under static and dynamic physiological pressure conditions
(0–200 mmHg) using a similar approach as described in the literature to evaluate the mechanical behavior of
arteries nondestructively (Couade et al 2010, Bernal et al 2011a, 2019, Messas et al 2013, Widman et al 2016).
The setup for the SWE experiments is shown in figure 3. It consists of a programmable pump to simulate the
flow and pressure wave from the heart (Balay et al 2010), two pressure sensors (one at the inlet of the model and
one at the outlet), a reservoir that could be pressurized using a manual sphygmomanometer, a water bath and a
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Figure 3. Shear wave elastography setup consisting of a programmable pump, two pressure sensors, a reservoir, a water bath and a
programmable ultrasound system.

programmable ultrasound system. The ultrasound probe was not in direct contact with the model and its position was parallel to the arterial model with the first element positioned towards the direction of the flow. The
water bath was used as coupling medium between probe and model. Since the speed of sound of the PVA is close
to that of water beam formation and subsequently accuracy are not expected to be affected.
The experimental protocol consisted of pressurizing the models statically and dynamically. In the static testing the pump was used to purge the system of any air after which it was turned off. The pressurization was done
manually using the sphygmomanometer either from 20 to 150 mmHg for model 1 (in 10 mmHg increments),
or from 0 to 200 mmHg for model 2 (in 20 mmHg increments). At each pressure, 10 SWE measurements were
done to improve the signal to noise ratio (SNR). The SWE sequence consisted of three 150 µs pushes distributed
along the thickness of the model to generate one single shear wave, followed by 80 images acquired at a frame rate
of 5 kHz. The distance between transducer and model was held fixed at ~1 cm and an F-number equal to 2 was
chosen for the three pushes. The pushing sequence (it comprises the three pushes) and the shear wave imaging
correspond to one single SWE experiment. This type of sequence is the basis of the Supersonic Shear Imaging
technique introduced by Bercoff et al (2004). A custom made linear probe (Vermon, Tours, France) with 256 elements (0.2 mm pitch) working at 8 MHz for pushing and imaging was used for all the experiments. This resulted
in an axial resolution of 0.17 mm (along depth). The probe was driven by a Verasonics Research Ultrasound
System.
During the dynamic testing, the system was pressurized statically (‘set pressure’) as mentioned before
between 0 and 100 mmHg in 20 mmHg increments. At each set pressure, the pump was started on the ejection
part of the cycle, with a period of 1.2 s. This allowed a dynamic variation of pressures from 35 mmHg (at a set
pressure of 0 mmHg) to 109 mmHg (at a set pressure of 100 mmHg). In this case the ultrasound sequence was
modified to acquire 11 SWE measurements along the cardiac cycle.
After the SWE testing, model 2 was cut open along the longitudinal axis and four samples of 10 × 40 mm
were cut on each direction, 4 in the longitudinal and 4 in the circumferential. The samples were tested on an
Instron machine (Norwood, MA, USA) with a crosshead speed of 50 mm min−1. The samples were secured on
the machine using pneumatic grips with a pressure of 2 Bar. The load cell used for these experiments was 50 kN,
with a 0.0001 kN resolution. The samples were preloaded to 0.5 N to assure that the grips were properly set and
that the load was directly applied to the samples. Each sample was tested until rupture.
Similarly, for comparison with the arterial models, four pig aortas were recovered from the municipal slaughter house. The arteries were immersed in cooled saline solution and transported to the laboratory. The aortas were cleaned of the surrounding tissue and cut in the same fashion as the arterial models. Four samples of
10 × 40 mm were cut in each direction for each aorta (32 samples total). These samples were tested using the
same protocol as the one described previously.

5
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SWE analysis
It has been shown by several authors that the shear wave propagation is guided along the arterial wall (Couade
et al 2010, Bernal et al 2011a, Widman et al 2016, Maksuti et al 2017, Guo et al 2018). Therefore, to recover the
shear modulus (µ) of the tissue it is necessary to fit to the experimental data a theoretical phase velocity dispersion
curve given by a specific wave propagation model.
The procedure used for the analysis of the SWE data is presented in figure 4. Similar methodology for processing the shear wave data has been proposed by several authors before (Nenadic et al 2009, Couade et al 2010, Bernal et al 2011a, Brum et al 2012, Widman et al 2016, Maksuti et al 2017). The propagation of the wave was measured on the anterior wall of the model (figure 4(A)). This motion was averaged over the thickness and displayed
as a function of time and distance (figure 4(B)). Then a 2D Fast Fourier Transform was applied on the data and
displayed in the k-space, where it is possible to appreciate a high energetic mode of propagation (figure 4(C)).
By identifying the maximum energy at each frequency (f ) and its corresponding wavenumber we calculated the
phase velocity Cph = λ · f , where λ is wavelength (2π/wavenumber). Figure 4(D) shows the experimental phase
velocity dispersion curve calculated from the k-space map. Finally, to recover the shear modulus a theoretical
dispersion curve was fitted to the experimental data. Let us first discuss the different hypothesis (e.g. wave guide
geometry, tissue anisotropy, tissue viscoelasticity, etc) to establish the guided wave propagation model.
For the arterial models developed throughout this work the orientation of the reinforcing fabric will determine the anisotropy of the wall once the models are stressed; behaving like an isotropic material near zero stress.
Since it is very difficult to establish how the fibers of the reinforcing material will be recruited under stress, the
development of a complete anisotropic model for the material as a function of stress is left for future studies.
Something similar happens with real arteries which are known to be elastic anisotropic (Zhou and Fung 1997,
Bernal et al 2011b). However, arterial tissue is assumed to be isotropic for most SWE applications, even in vivo
(Couade et al 2010, Bernal et al 2011a, Messas et al 2013). Therefore, in this work we will assume isotropy for SWE
as it was done in most studies involving the application of SWE to arteries.
Regarding viscoelasticity, Brum et al and Nguyen et al have shown that for sufficiently thin tissues (i.e. thickness between 1 mm to 4 mm), the phase velocity dispersion curve is not affected by viscosity (Nguyen et al 2011,
Brum et al 2014). Consequently, an elastic medium assumption suffices to retrieve the shear modulus from the
phase velocity dispersion curve independently of the viscous effects.
Finally, the most reasonable assumption for the wave guide geometry is that of a hollow cylinder. According
to Couade et al and Maksuti et al for an isotropic solid and a hollow cylindrical geometry shear waves will propagate as the lowest order flexural mode F(1,1) (Couade et al 2010, Maksuti et al 2017). Moreover, Maksuti et al
showed that F(1,1) converges to the zero order anti-symmetric Lamb wave mode for sufficient high frequencies
(i.e. above 400 Hz) (Maksuti et al 2017) and that the error of assuming a plate model instead of a hollow cylinder
generates an error less than 10% (Maksuti et al 2016) which is within the accuracy of SWE compared to mechanical testing. In this work we used Lamb modes since they are simpler to implement and numerically more stable
than flexural modes (Maksuti et al 2017). Furthermore, due to the type of source, shear wave velocities and frequencies involved in our experiments, the wave field in figure 4(B) will be dominated by the zero order anti-symmetric Lamb wave mode (Nenadic et al). Consequently, in this work the anti-symmetric Lamb wave mode for a
solid plate submerged in a non-viscous incompressible fluid was fitted to the data to recover the shear modulus
of the model. A similar approach was reported by Bernal et al (2011a) and Widman et al (2016). The expression
that governs this behavior is:
Å
Å ã
Å
Å ã
Å
Å ã
ã
ã
ã
h
h
h
h
h
h
2
− (ks2 − 2kL2 ) sinh kL
, (1)
4kL3 β cosh kL
sinh β
cosh β
= ks4 cosh kL
cosh β
2
2
2
2
2
2
!
!
where kL = ω !cL is the Lamb wavenumber, ks = ω ρ !µ is the shear wavenumber, β = kL2 − ks2 , ω is the
angular frequency, h is the plate thickness and cL is the frequency-dependent Lamb wave velocity.
The fitting was done using a minimization function for the shear modulus (µ), while keeping constant the
density (1000 kg m−3), the speed of sound (1500 m s−1) and the thickness, similar to the work by Brum et al
(2012). The thickness was measured in the B-mode images at ten locations along the models for each pressure.
The average thickness from the ten measurements as well as the maximum and minimum values were used for
fitting of the data.
In figure 4(D) the fitting of the phase velocity dispersion curve using equation(1) (dotted line) for a 0 mmHg
static pressure is presented along with the experimental data (solid line). Although the most energetic frequency
corresponds to 200 Hz, the fit was performed for all frequencies above 400 Hz as suggested by Maksuti et al for
this type of geometries (Maksuti et al 2017) and to avoid near field effects of the source (Benech et al 2017). In this
case the shear modulus recovered is 55 kPa.
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Figure 4. Shear wave analysis. Panel (A) shows a snapshot of the shear/Lamb wave propagation on the anterior wall superimposed
to a cross-sectional B-mode image of the model where both walls are visible. Panel (B) shows the particle velocity field associated to
the shear/Lamb wave propagation averaged over the thickness of the anterior wall. Panel (C) is the k-space representation of Panel
(B), i.e. absolute value of the 2D-FFT. Panel (D) shows the dispersion curve and the Lamb wave fitting.

Uniaxial testing analysis
The output of the Instron machine were values of strain (ε) and stress (σ) for each of the samples tested (8 in
the models and 32 in the aortas). However, to explicitly show the nonlinear Young’s modulus dependence with
strain an incremental modulus was calculated assuming a linear behavior for each subsection of the data. The
regression used to calculate the Young’s modulus was taken over 1.5% strain increments (seven data points). For
such small strain increment hyperplastic models such as neo-Hookean or Mooney–Rivlin showed similar results
to those of linear theory (Maksuti et al 2016). Therefore, the material can be considered to behave linearly with
the stress over 1.5% strain increments.

Results
Uniaxial tensile testing
The results of the UTT for the arterial models and the excised aortas are presented in figure 5. In figures 5(A) and
(B) the stress–strain relation for both materials in the circumferential and longitudinal directions are presented.
In figure 5(B), a zoomed version of figure 5(A), it is possible to observe a very good agreement between the models
and arteries in the circumferential direction. In figures 5(C) and (D) the relation of the Young’s modulus versus
strain for both materials in the circumferential and longitudinal directions are presented. In figures 5(A) and
(C), we observe the significant anisotropy achieved on the arterial models, with a maximum Young’s modulus of
914 kPa at 40% strain in the circumferential direction and a Young’s modulus of 6.53 MPa at a strain of 20%
for the longitudinal direction (figure 5(C)). In figure 5(D), a zoomed version of figure 5(C), it is possible to
compare the behavior of the arteries in both directions to that of the model in the circumferential one. In this plot
we observed a good agreement between the Young’s modulus of models and the arteries in the circumferential
direction (red ‘□’ and cyan ‘○’). At the same time, figure 5(D) shows an anisotropic behavior of the arterial wall,
where within physiological strains, the circumferential Young’s modulus is higher than the longitudinal one. The
error bars for these traces are the standard deviation of the 8 measurements for the models (4 in each direction)
and the 32 measurements on the pig aortas (16 in each orientation).

7
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Figure 5. Uniaxial tensile testing results on the arterial models and excised pig aortas. The magenta ‘▹’ and cyan ‘○’ show the
results for the pig aortas in the longitudinal and circumferential directions. Similarly, the blue ‘∗’ and the red ‘□’ are the results of
the UTT of Model 2.

SWE under static pressure
Figure 6 shows the results for the static pressurization experiments. The dispersion curves presented in figure 6(A)
are for the model 2, between 0 and 200 mmHg. Figure 6(B), shows the shear modulus behavior of both models
as a function of the static pressure (Model 1 = red ‘∗’, Model 2 = black ‘-’). This plot demonstrates a nonlinear
behavior of the models’ walls since the elasticity of the materials increases with stress (pressure). Model 1 showed
an increment in the shear modulus from 61 kPa at 20 mmHg to 263 kPa at 150 mmHg. A similarly behavior
was observed for Model 2, which increased from 55 kPa to 310 kPa between 0 and 200 mmHg. The error bars
displayed on figure 6(B) represent the variation in shear modulus calculated from the Lamb wave fitting that
arise from the uneven thickness of the models. The bars correspond to the maximum and minimum values of
thickness for the ten measurements acquired at each pressure. For these models the thicknesses measured in the
echographic images varied along the wall from 3.66 ± 0.42 mm at 0 mmHg to 3.11 ± 0.13 mm at 200 mmHg.
SWE under dynamic pressure
Table 1 shows the range of pressures and variation of the shear modulus achieved due to the pulsation of the
pump at each set pressure (0, 40, 60, 80 and 100 mmHg) for Model 1 and 2.
Moreover, figure 7(A) shows a representative pressure wave measured with the upstream sensor during an
experiment in Model 2 at a set pressure of 100 mmHg. In this plot the minimum and maximum pressures were
102 and 193 mmHg, respectively. The red circles over the solid trace represent the time points at which the SWE
measurements were performed. In figure 7(B) we can observe the variation of the shear modulus as a function
of time. This plot shows an excellent synchronicity in the changes of the mechanical properties as a function of
pressure. For this set pressure (100 mmHg) the dynamic variation was 95 mmHg resulting in an oscillation of the
shear modulus from 155 kPa to 352 kPa (figure 7(B) and table 1). A similar behavior was described by Couade
et al in an animal model and later on a large group of volunteers (30) by Messas et al (Couade et al 2010, Messas
et al 2013). In figure 7(C) we show the results from all the set pressures with their corresponding dynamic variations. Each set value is represented by a color and a symbol, while the dynamic changes are determined by the
spread. Similar, to figure 6(B), the error bars represent the variation of the measurements due to the difference in
thickness in the models for each set pressure.
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Figure 6. Results from the static pressure test. Panel (A) shows the dispersion curves as a function of static pressure from 0 to 200
mmHg for model 2. In Panel (B) are the values of shear modulus for each pressure recovered from the Lamb wave fitting.
Table 1. Dynamic pressure test for Model 1 and 2. Values of maximum and minimum pressures and shear modulus for the different set
pressures applied.
Set pressure

0

40

60

80

100

Model 1
Max P (mmHg)

59

120

152

183

211

Min P (mmHg)

24

49

67

86

102

PP (mmHg)

35

71

85

97

109

Max µ (kPa)

103

201

291

392

462

Min µ (kPa)

51

97

134

175

187

∆µ (kPa)

52

104

157

217

275

Model 2
Max P (mmHg)

84

109

139

168

191

Min P (mmHg)

39

50

67

84

102

PP (mmHg)

45

59

72

84

89

Max µ (kPa)

124

162

240

314

352

Min µ (kPa)

69

79

103

129

155

∆µ (kPa)

55

83

137

185

197

Discussion
In this manuscript we described a methodology for the manufacturing of anatomically realistic arterial models
from clinical CT images. The results of the uniaxial testing show that these models are at least transverse isotropic
and non-linearly elastic. Their mechanical behavior as a function of strain were similar to healthy swine aortas
in the circumferential direction as it was revealed by uniaxial testing of both materials. Moreover, the models
showed a very good compatibility with ultrasound. It was possible to visualize the anterior and the posterior wall
as well as the water flowing in the dynamic testing. SWE experiments also revealed a nonlinear behavior of the
shear modulus with pressure similar to that of arteries.
The results presented for the UTT showed an anisotropic behavior of the arterial models with a much higher
Young’s modulus in the longitudinal direction compared to the circumferential one. This finding was not surprising given the reinforcing material and its orientation. As it was explained in the methods section, the cotton
mesh used was compliant in one direction and rigid in the orthogonal one. In this study the mesh was set so that
the elastic orientation corresponded with the circumferential one. Therefore, the higher Young’s modulus found
in the longitudinal direction was an anticipated finding. Similarly, the alignment of the mesh also affected the
degree of deformation for each direction as it can be evidenced in figure 5(A). For the arterial models, the circumferential direction withstood deformations of 40% (maximum of the physiological range), while the longitudinal endured 20% strain before rupturing. Finally, it is important to mention that the reinforcing material and its
orientation may be modified to achieve different elastic behaviors. Future works are aimed on studying the effect
of different reinforcing materials (including materials elastic in both directions) and their alignment.
When comparing the mechanical properties of the healthy pig arteries to those of the models we found a
very good agreement in the circumferential properties. The models showed an increase from 113 kPa at 2.5%
9
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Figure 7. Dynamic pressure test results. Panel (A) shows the pressure variation during one cycle of the pump, while in Panel (B) is
the variation of the shear modulus due to this pressure fluctuation. Panel (C), shows all the results for the different set pressures.

strain, to 914 kPa at 40% strain. While the arteries showed an increase from 172 kPa for the same initial strain to
922 kPa at 38% strain. As it was mentioned before, the longitudinal mechanical properties differed significantly
from those of the arteries, but this was to be expected due to the reinforcing material used. The UTT also evidenced the anisotropy of excised aortas, showing that the circumferential elastic modulus is higher than the
longitudinal one within the physiological strains. A similar behavior and values for the strain-stress curves were
published in 2014 by Shah et al, were they evaluated the mechanical properties of a swine descending aorta using
uniaxial and biaxial testing (Shah et al 2014). Moreover, comparable results were published in 2011 by Bernal et al
(2011b) in excised carotid arteries where piezoelectric elements were used to measure the circumferential and
longitudinal Young’s moduli. Their study reported higher mechanical properties in the circumferential direction compared to the longitudinal one.
Furthermore, in this work the mechanical response of the whole models was tested using SWE in a more realistic setting under static and dynamic physiological pressure conditions. To retrieve the shear modulus from the
phase velocity dispersion curve a fitting of equation (1) was done to the experimental data using a minimization
function for µ. During the fitting the speed of sound was assumed to be 1500 m s−1, as in most of the ultrasound
scanners. However the speed of sound in the PVA may change depending on the number of freeze and thaw
cycles. According to Fromageau et al (2007), the speed of sound deviates less than 1.5% from the assumed value
for 3 and 10 freeze-thaw cycles, 10% bw PVA-c solution with 3% of Sigmacell cellulose as scatter (in our study
no additional scatter was introduced to the PVA-c solution). The contribution of this uncertainty to the shear
modulus estimation is negligible when compared to the error introduced by the thickness which has a deviation
between 4% and 10%.
A more delicate issue for SWE is the choice of a proper wave propagation model in order to retrieve the shear
modulus from the phase velocity or phase velocity dispersion curve. For an isotropic infinite medium the relation is straightforward leading to µ = ρcT2 . However, for an anisotropic infinite solid the relation between shear
modulus and wave velocity is not evident: it will depend on the type of anisotropy, on the wave polarization and
on the direction of propagation (Royer et al 2011). Moreover, when the wave is guided (e.g. in arteries, tendon,
cornea, spleen, myocardium, etc) the relation becomes even more complex. To the authors’ knowledge, there are
only a few studies dealing with guided wave propagation in transverse isotropic medium such as tendon (Brum
et al 2014, Helfenstein-Didier et al 2016). For tissue with unknown anisotropy (e.g. myocardium or arteries), to
the author’s knowledge, there is no previous work describing guided wave propagation in such complex scenario.
Instead, most of the works that use SWE in such complex tissue assume isotropy (Nenadic et al). Moreover, this
is the approach used in most clinical applications. In this work we have chosen this approach since it is very difficult to establish how the fibers of the reinforcing material will be recruited under stress. However, despite these
known limitations the results of the SWE experiments also revealed a nonlinear behavior of the shear modulus
with pressure similar to that of arteries. Future studies should focus on the development of guided wave propagation models in anisotropic materials.
The static pressure tests showed a marked increase in the shear modulus of the arterial models as a function of
pressure. Both models (1 and 2) showed a similar behavior in the range of pressures tested. As it was mentioned
before the shear modulus for the Model 1 increased from 61 kPa to 263 kPa, between 20 and 150 mmHg while
that of model 2 went from 55 kPa at 0 mmHg to 310 kPa at 200 mmHg. However, assuming healthy physiological
pressures (diastolic/systolic) of 80/120 mmHg, the shear modulus for Model 1 varied from 133 kPa to 209 kPa.
In the same way, Model 2 went from 151 to 220 kPa. Although special attention was paid to the PVA freezing and
thawing process, small changes in this process may have been responsible for the differences in the shear modulus
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between models. An increase in the shear modulus of 57% and 45% was found for Model 1 and 2, respectively.
In a study by Couade et al (2010), in which they used SWE to measure the variation of the shear modulus during
the cardiac cycle for a healthy volunteer, they found an increase of 62% in this value between diastole and systole
(Couade et al 2010).
Moreover, the results from the static pressure test evidence a nonlinear behavior for the shear modulus, similar to the intrinsic properties of the arteries. An analogous behavior was demonstrated by Widman et al in excised
pig aortas, where the increase in shear modulus showed an exponential behavior between 20 and 120 mmHg
(Widman et al 2016). Furthermore, the work of Shcherbakova et al (2015), in which a horse aorta was exposed
to different strains ranging from 10% to 35% showed a similar behavior in the group velocity of the guided shear
waves (Shcherbakova et al 2014). A similar exponential trend (shear modulus versus pressure) can be observed in
figures 6(B) and 7(C).
During the dynamic tests, given the set pressures used (0, 40, 60, 80 and 100 mmHg) we encountered pulse
pressures (pp) of 35, 71, 85, 97 and 109 mmHg, respectively, for Model 1. Similarly, for Model 2, the pulse pressures were 45, 59, 72, 84 and 89 mmHg (table 1). The differences in pulse pressure between the two models can be
explained by the manual pressurization of the system using the sphygmomanometer (set pressures). However,
the consistent increases of pulse pressures for each set pressure can be explained by the stiffening of the model’s
wall, where the same volume ejected by the pump, causes larger variations in pressure once the wall is no longer
capable of distending significantly. This behavior is another evidence of the nonlinear nature of the material.
A linearly elastic conduit would present a constant pulse pressure independent of the initial loading condition
of the pump. Moreover, the differences in the variation in the shear modulus (∆µ) between both models were
explained by the slight variation in the pulse pressures as mentioned above.
Nevertheless, the most remarkable result from the dynamic pressure test was the correlation between the
pressure wave and the stiffening of the arterial model. Figures 7(A) and (B) show the results for a set pressure
of 100 mmHg. In this case a slight pressure decrease in pressure is observed in the first 350 ms, going from
113 mmHg to 102 mmHg. The shear modulus showed a similar decrease from 167 kPa to 154 kPa. The main
pressure variation happened between 350 ms and 1 s, where a change in 89 mmHg can be observed. The variation
in the shear modulus showed the same behavior in time, rising from 154 kPa to 352 kPa and then decreasing to
163 kPa (at 1.057 s). The traces for all the other set pressures showed equally a good correlation between the pressure changes and the mechanical properties (data not shown).
The comparison between the values obtained from the static and dynamic experiments, show a good agreement in the values for shear modulus as a function of pressure. The slight differences between results could be
attributed to experimental variation since both tests were done on separate days and the pressurization of the
system was done using a manual sphygmomanometer.
Finally, the values found in our study for the vessels and the arterial models agree with those published in the
literature both by the authors as well as other groups. The study by Messas et al (2013) analyzed the variation in
shear modulus in patients in different age ranges. The study showed variation in the shear modulus from diastole to systole ranging from 160 kPa to 390 kPa (Messas et al 2013). When comparing these values to those presented in table 1 we can observe that the arterial models are well within these physiological values. Even though
the authors do not report the patients’ pressures in their study, we can assume that they are between 60 and
160 mmHg (diastolic and systolic) given range of age of the subjects (21–68 yo). The corresponding values in our
experiments from Model 2 for those pressures are 67 mmHg (minimum for a static pressure of 60 mmHg) with
a shear modulus of 103 kPa, and 168 mmHg (maximum at a static pressure of 80 mmHg) with a shear modulus
of 314 kPa (table 1). Furthermore, all the values obtain for the arterial models and excised arteries (SWE and uniaxial testing) are within the range of values reported by O’Rourke et al where they compile a number of clinical
studies (O’Rourke et al 2002).

Conclusions
In this paper we introduced arterial models made from clinical images (patient specific morphology) that have
mechanical properties close to those of healthy swine arteries in the circumferential direction. The models were
tested in static and dynamic pressurization experiments using SWE. Furthermore, they were compared against
excised pig aortas by uniaxial tensile testing. The models were shown to be nonlinear and anisotropic in nature
and behaved similar to arteries under dynamic loading. The values for Young’s modulus in the circumferential
direction of the models and the arteries were very similar in the physiological range. Moreover, the elasticity values
reported in this study agree with those in the literature for healthy human and animal subjects. To our knowledge
the models presented in this study are the first morphologically realistic phantoms that have demonstrated a
nonlinear and highly anisotropic behavior with elasticities similar to those of healthy arteries. We are certain that
the use of models such as the ones presented in this work is crucial in the development of new imaging techniques
to assess the health of the vascular tree. These types of models can also help in the understanding of multimodal
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wave propagation in complex structures such as arteries. Moreover, the methodology that we are introducing in
this study allows the manufacturing of patient specific geometries that can be used in the planning of surgery or
surgical training as already demonstrated in Bernal et al (2019). Future works are aimed at studying the effects of
different reinforcing materials (including materials elastic in both directions), the wrapping angle of the fabric
and the percentage of overlap.
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